This study quantified the apparent and intrinsic hydraulic permeability of human medial collateral ligament (MCL) under direct permeation transverse to the collagen fiber direction. A custom permeation device was built to apply flow across cylindrical samples of ligament while monitoring the resulting pressure gradient. MCLs from 5 unpaired human knees were used (donor age 55 AE 16 yr; 4 males, 1 female). Permeability measurements were performed at 3 levels of compressive pre-strain (10%, 20% and 30%) and 5 pressures (0.17, 0.34, 1.03, 1.72 and 2.76 MPa). Apparent permeability was determined from Darcy's law, while intrinsic permeability was determined from the zero-pressure crossing of the pressure-permeability curves at each compressive pre-strain. Resulting data were fit to a finite deformation constitutive law [Journal of Biomechanics 23 (1990) 1145-1156. The apparent permeability of human MCL ranged from 0:40 AE 0:05 to 8:60 AE 0:77 Â 10 À16 m 4 =N s depending on pre-strain and pressure gradient. There was a significant decrease in apparent permeability with increasing compressive pre-strain ðp ¼ 0:024Þ and pressure gradient ðpo0:001Þ; and there was a significant interaction between the effects of compressive pre-strain and pressure ðpo0:001Þ: Intrinsic permeability was 14:14 AE 0:74; 6:30 AE 2:13 and 4:29 AE 1:71 Â 10 À16 m 4 =N s for compressive pre-strains of 10%, 20% and 30%, respectively. The intrinsic permeability showed a faster decrease with increasing compressive pre-strain than that of bovine articular cartilage. These data provide a baseline for investigating the effects of disease and chemical modification on the permeability of ligament and the data should also be useful for modeling the poroelastic material behavior of ligaments. r
Introduction
Ligaments are a biological composite consisting of a ground substance matrix reinforced by collagen and elastin. The ground substance matrix is composed of proteoglycans, glycolipids and fibroblasts and holds large amounts of water, with the total water per wet weight measured as 60-70% (Chimich et al., 1992; Hey et al., 1990) . The water content of ligaments has a strong influence on viscoelastic material properties (Chimich et al., 1992; Thornton et al., 2000) . Further, it is believed that water movement in/out and within ligament may play an important role in tissue nutrition, transport of metabolites, mechanotransduction and the overall mechanical properties of the tissue.
A number of explanations have been proposed for the mechanisms governing ligament viscoelasticity. These include viscoelasticity of the collagen fibers (Rubin and Bodner, 2002) , the extracellular matrix (Weiss et al., 2002) , collagen fibril crosslinking (Bailey et al., 1974; Puxkandl et al., 2002; Redaelli et al., 2003) and fluid content (Chimich et al., 1992) and fluid movement within and in/out of the tissue during loading (Atkinson et al., 1997; Butler et al., 1997) . However, most proposals have been based on conjecture and there is little experimental data available to support or refute the proposed mechanisms. Thus, the exact origins of ligament viscoelasticity remain controversial. 
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Experimental and modeling studies have suggested that the movement of water within and in/out of ligament may partially or entirely explain the viscoelastic response of ligaments (Atkinson et al., 1997; Butler et al., 1997; Chen et al., 1998; Chimich et al., 1992; Hannafin and Arnoczky, 1994) . Exudation of water from ligament occurs under cyclic loading (Hannafin and Arnoczky, 1994) . Ligament viscoelastic material behavior is strongly coupled to proteoglycan content (Elliott et al., 2003; Thornton et al., 2000; Yamamoto et al., 2000) , and elimination of different proteoglycan species increases the amount of relaxation during stress relaxation testing (Elliott et al., 2003) . The flow of water through a tissue in response to mechanical or chemical loading is governed by the apparent permeability, sometimes referred to as the hydraulic permeability (Holmes, 1985; Holmes and Mow, 1990; Mansour and Mow, 1976) . In the case of ligaments, it has been suggested that the tissue may exhibit anisotropic permeability due to the highly aligned collagen fiber structure (Atkinson et al., 1997; Butler et al., 1997) .
Despite the potential importance of fluid movement in ligaments, data on the permeability of ligament to water are not available. Previous computational simulations of ligaments have used ranges of permeability that were motivated primarily by the range of reported values for articular cartilage (Atkinson et al., 1997; Butler et al., 1997) . The direct permeation experiment provides a means to determine tissue permeability directly (Holmes, 1985; Holmes and Mow, 1990; Mansour and Mow, 1976) . This experiment requires the measurement of flow across a section of tissue in response to an applied pressure gradient under small to moderate levels of compressive strain. Studies of the other hydrated soft tissues under ultrafiltration have demonstrated that both the pressure gradient and the compressive prestrain have a strong influence on the apparent permeability (Gu et al., 2003; Holmes, 1985 Holmes, , 1986 Holmes and Mow, 1990; Lai and Mow, 1980; Lai et al., 1981; Mansour and Mow, 1976; Quinn et al., 2001) , and the effects of pressure gradient and compressive pre-strain are coupled (Holmes, 1985; Holmes and Mow, 1990; Lai and Mow, 1980; Lai et al., 1981) . The coupling of these effects has been attributed to the nonuniform compaction of the tissue along the direction of permeation, and this effect is magnified with increasing pressure gradient. Although direct measurement of the permeability of ligament along the fiber direction presents technical difficulties due to the fibrous nature of the tissue and the aspect ratio, many ligaments are relatively planar, and it is possible to isolate test specimens from these ligaments that are oriented transverse to the collagen fiber direction for measurement of permeability during ultrafiltration. This mode of testing is relevant to physiological loading of ligaments since tensile loading produces lateral contraction and internal pressure via the Poisson effect. The objective of this study was to determine the transverse apparent and intrinsic permeability of human medial collateral ligament (MCL) from a direct permeation experiment. Based on the published reports of the apparent permeability of articular cartilage, it was hypothesized that increasing compressive pre-strain and pressure gradients would result in decreases in apparent permeability and that these effects would be coupled.
Materials and methods

Permeation device
A custom permeation device was designed and built to allow application of small flow rates across cylindrical samples of ligament while monitoring the resulting pressure gradient (Fig. 1) . The operation of the device is similar in principle to that described by Gu et al. (1999) in that flow rate is prescribed and the resulting pressure gradient is measured. A syringe pump (SP-101i, WPI, Sarasota, FL) was used with a 500 ml glass syringe (Hamilton 1750, Reno, NV) to apply constant flow rates (0.001-100 ml/min, o1% error) (Fig. 1, bottom left  panel) . The area exposed to flow was 3 mm in diameter. Uniaxial compressive pre-strain was applied to the tissue along the direction of permeation by compressing the top piece of a two-piece acrylic loading fixture against the specimen and an O-ring via a micrometer head (Newport, Irvine, CA, 71 mm accuracy). The O-ring sealed the specimen between the upper and lower pieces of the loading fixture. Relatively rigid (compressive modulus ¼ 18:7 MPa), highly permeable (hydraulic permeability ¼ 3 Â 10 À10 m 4 =N s) porous polyethylene filters assured free flow to and from the specimen (Porex, Fairburn, GA, 70 mm pore size). The resulting pressure gradient was monitored continuously via a pressure transducer (Setra, Boxborough, MA, accuracy 70.004 MPa).
Tissue harvest
The MCL of the human knee was chosen for testing for several reasons. First, the MCL is an extremely important structure in preventing medial joint opening and external tibial rotation in the human knee (Grood et al., 1981; Monahan et al., 1984; Palmer, 1938; Seering et al., 1980; Warren et al., 1974) , and approximately 40% of all severe knee injuries involve the MCL (Miyasaka et al., 1991) . Second, because of its planar geometry and size, the MCL is ideal for harvesting transverse samples for direct measurement of permeability. Finally, the results of the present study may compliment existing experimental data on the quasi-static and viscoelastic material properties of the human MCL (Bonifasi-Lista Gardiner and Weiss, 2003; Haridas et al., 2001; Quapp and Weiss, 1998) for future investigations of the origins of ligament viscoelasticity. Five unpaired human knees (donor age 55716 yr, 4 males, 1 female) were obtained within 24 h of death and stored in sealed plastic bags at À20 1C. On the day of testing, each knee was allowed to thaw at room temperature for 12 h prior to dissection. All skin, muscle and other periarticular soft tissue surrounding the knee joint were removed. At the time of dissection, no signs of arthritis or previous soft tissue injury were found in any of the knees. The medial side of the knee was fine dissected to expose the superficial MCL. This included removing any adherent fascia by tenting the fascial layer up from the surface of the MCL and dissecting it away gently using a #15 blade. The MCL was dissected from the knee and placed on a Plexiglas plate. One cylindrical MCL sample (6.5 mm dia.) was punched from each of the 5 human MCL specimens using a hardened steel punch. The thickness of the punched samples was measured using a digital micrometer head combined with a multimeter. The multimeter recorded the resistance between the tip of the micrometer head and a stainless steel plate on which the sample was placed. The micrometer head was lowered toward the surface of the test sample until there was a decrease in resistance between the micrometer head and the plate. The thickness was determined from the micrometer reading at this point. No visible deformation of the tissue was observed when the multimeter recorded the change in resistance. Samples were placed into the lower half of the test chamber and were allowed to equilibrate in Ringer's solution for 1 h prior to testing. The permeation device was then assembled and sealed, taking care to ensure that all air bubbles were removed from the system before testing.
Test protocol
The test protocol was similar to previous studies of the permeability of articular cartilage (Mansour and Mow, 1976) . Permeability measurements were performed at three levels of uniaxial compressive pre-strain (10%, 20% and 30%) and 5 pressure gradients of 0.17, 
0.34, 1.03, 1.72 and 2.76 MPa (25, 50, 150, 250 and 400 psi, respectively). First, 10% pre-strain was applied via the micrometer head. A trial flow rate ðQÞ was then applied via the syringe pump and the pressure gradient DP was monitored via the pressure transducer. When the pressure gradient reached 0.17 MPa (25 psi), the flow rate was adjusted continuously to maintain the desired pressure gradient. The flow rate was recorded when the variation in pressure gradient was less than 0.01 MPa/h (1.5 psi/h). Measurements were repeated at the higher pressure gradients before moving to the next pre-strain. Flow rates during testing were in the range of 0.01-0.3 ml/min. The total test time for each sample was approximately 5 h.
Apparent permeability
The apparent permeability k app was calculated using a one-dimensional version of Darcy's law (Gu et al., 1999; Lai and Mow, 1980) :
where Q is the volumetric fluid flow rate, h 0 is the initial thickness of the sample, is the uniaxial compressive pre-strain along the direction of permeation, A is the area exposed to flow, and DP is the pressure gradient across the sample.
Intrinsic permeability
Even in the case when the permeability of the sample is initially homogeneous, a pressure gradient across the sample results in a locally nonuniform compressive strain through the thickness of the sample (Holmes, 1985 (Holmes, , 1986 Holmes and Mow, 1990; Lai and Mow, 1980) . As the pressure gradient is increased, the compressive strain through the thickness of the sample becomes more nonuniform and thus the local permeability is a function of the local strain. One approach to obtain the intrinsic permeability of the sample from a direct permeation experiment is to extrapolate the apparent permeability versus pressure curves in Fig. 2 to the case of zero applied pressure for each strain level. When the pressure gradient is zero, the resulting data represent the intrinsic permeability of the sample as a function of applied compressive pre-strain only. Based on the appearance of the experimental data and guided by the approach taken by others (Holmes, 1985; Lai and Mow, 1980) , the apparent permeability versus pressure data were fit to the following empirical function on a sample-by-sample basis:
Here, k 1 , k 2 and M 1 are coefficients that depend on the particular level of compressive strain. In particular, k 1 þ k 2 represents the apparent permeability for a given strain level at zero pressure gradient, i.e., the intrinsic permeability for a given strain level. Eq. (2) was used to fit the experimental data consisting of pressure gradient and apparent permeability at each level of compressive strain. The coefficients k 1 , k 2 and M 1 in (2) were determined for each sample using a nonlinear leastsquares approach with reciprocal-y weighting. Note that although the function in Eq. (2) provides a good fit to the experimental data, it is nonunique. To provide data for computational simulations and to allow comparison with published material coefficients for articular cartilage (Ateshian et al., 1997) , the experimental data were fit to a constitutive law for intrinsic permeability that was developed for hydrated connective tissues and soft gels (Holmes, 1985 (Holmes, , 1986 Holmes and Mow, 1990) . The constitutive law has been applied to articular cartilage to describe its intrinsic permeability. Using the average values ðk 1 þ k 2 Þ for intrinsic permeability at each strain level, the data were fit to the following permeability constitutive equation with reciprocal-y weighting to determine the associated material coefficients:
Here, J ¼ detðFÞ is the volume ratio and F is the deformation gradient (Spencer, 1980 ) (J ¼ 1 À for the permeation experiment), f 0 is the initial volume fraction of the solid phase, taken to be 0.3 for ligament (Atkinson et al., 1997; Butler et al., 1997; Chimich et al., 1992; Hey et al., 1990) , f f ¼ 1 À f 0 =J is the current volume fraction of the fluid phase and f s ¼ f 0 =J is the current volume fraction of the solid phase. k 0 represents the intrinsic permeability in the absence of strain. M controls the rate of change of permeability with changes in volume ratio, with positive values implying a decrease in permeability with increasing compressive pre-strain during a direct permeation experiment. k is a positive parameter that determines how fast the permeability approaches 0 as the volume fraction of the solid phase approaches 1. k was set to 2.0 for the curve fit to the experimental data so that direct comparisons of material parameters could be made to the results of Ateshian et al. (1997) .
Reliability of permeability measurements
The reliability of the permeability measurements was verified by performing pilot tests on bovine articular cartilage harvested from the distal femur and comparing values for apparent permeability to published values in the literature. The harvest, sample preparation and testing followed the procedures in the literature (Mansour and Mow, 1976) . A total of 5 samples of bovine articular cartilage were obtained from 3 femurs. The
first 3 samples were taken from the same femur and were used to determine the appropriate flow rates needed for the experiments. The last 2 samples were harvested from 2 separate femurs and were used to determine the intrinsic permeability at 15% and 30% compressive strain, respectively.
Statistical analysis
A 2-way ANOVA with repeated measures was used to assess the effects of compressive pre-strain and pressure gradient on the apparent permeability, and to assess any significant interaction between the effects of compressive pre-strain and pressure gradient, with significance set at pp0:05:
Results
Apparent permeability
Values for the apparent permeability were of the same order of magnitude as those reported for bovine articular cartilage (Ateshian et al., 1997; Lai and Mow, 1980; Mansour and Mow, 1976) . The results demonstrated a dramatic decrease in apparent permeability with increases in both pre-strain and pressure gradient (Fig. 2) . There was a significant decrease in permeability with increasing pressure gradient ðpo0:001Þ: There was also a significant decrease in permeability with increasing pre-strain ðp ¼ 0:024Þ: There was a significant interaction between pressure gradient and pre-strain ðpo0:001Þ: The average thickness of the samples was 0.9570.05 mm.
Intrinsic permeability
Using the results for k 1 þ k 2 obtained for each sample from the curve fit of Eq. (2) (Fig. 3) . Since M was positive, Eq. (3) predicts a decrease in permeability with increasing compressive pre-strain. Compared to intrinsic permeability data from previous studies on bovine articular cartilage (Ateshian et al., 1997; Holmes and Mow, 1990) , the permeability of ligament was lower than that of bovine articular cartilage at higher compressive strains but showed a faster increase with decreasing compressive strains. The latter effect is governed by the value of M, which was 7.988 for the present study and 2.2 for bovine articular cartilage (Ateshian et al., 1997) . The pilot data for the intrinsic permeability of bovine articular cartilage were in reasonable agreement with data from the literature (Fig. 4) , with values for apparent permeability at 15% and 30% strain that fell between those reported in two other studies (Ateshian et al., 1997; Holmes and Mow, 1990) . 
The physiological relevance of the range of pressure gradients used in the testing is worthy of discussion. During a uniaxial tensile test of an incompressible material, the sample contracts laterally, resulting in a positive hydrostatic pressure p. The pressure is related to the Cauchy stress T by p ¼ 1=3trðTÞ (Spencer, 1980) . Assuming that the direction of uniaxial tensile loading is the 1-direction, the normal stresses T 22 and T 33 are zero, which yields p ¼ T 11 =3: If the material is incompressible, which represents the time-zero behavior of a biphasic material, the pressure can be calculated analytically. Using published material coefficients for human MCL (Gardiner and Weiss, 2003) , tensile strains of 1%, 3%, 5% and 10% along the fiber direction result in pressures of 0.26, 1.40, 4.44 and 19.00 MPa. The pressure gradients used in this study ranged from 0.17 to 2.76 MPa, corresponding to uniaxial tensile strains along the fiber direction of about 0.5-4%. If the material is considered to be even slightly compressible, pressures resulting from tensile loading will be significantly lower than for the incompressible case (an analytical solution for the pressure in a compressible material under uniaxial extension is not possible). The natural geometry of ligaments cannot be approximated by a tensile test specimen, and they are subjected to much more complex loading than simply uniaxial extension. These factors will result in pressure gradients inside the ligament during loading in vivo. The magnitude of these pressure gradients will likely be smaller than those resulting from uniaxial extension. Thus the range of pressure gradients examined in this study are physiologically relevant, not only to a large range of uniaxial tensile strains along the fiber direction in the MCL, but also to the more subtle variations in pressure that occur due to nonuniform geometry and boundary conditions in vivo.
A second mechanism for the generation of pressure gradients in ligaments under in vivo loading is transverse compression due to wrapping around bones and other ligaments. This is common for ligaments of the knee (Bendjaballah et al., 1997; Li et al., 2002; Sakane et al., 1999) , and in particular the MCL (Gardiner and Weiss, 2003) . Although our laboratory has performed subject-specific finite element simulations of the human MCL under valgus knee loading (Gardiner and Weiss, 2003) , it is impossible to separate the pressure generated by the wrapping of the MCL around the tibia and femur from the pressure that is generated due to tensile stretch along the fiber direction, since the latter stretch is responsible for the wrapping.
Compressive transverse strains of 10-30% were used in this study. The lowest strain was chosen to ensure that the specimen did not separate from the filter. The highest value was chosen so that comparisons could be made to published data for articular cartilage (Mansour and Mow, 1976) . Reconsidering the case of uniaxial strain l of an incompressible, transversely isotropic material along the fiber direction, the resulting transverse strain t will be negative. The deformation gradient F is then and the incompressibility condition detðFÞ ¼ 1 yields t ¼ ð1= ffiffiffiffiffiffiffiffiffiffiffi ffi 1 þ l p Þ À 1: A tensile strain along the fiber direction as high as 15% will yield a transverse strain of only À6.7%. Thus, when considering uniaxial extension along the fiber direction, the permeability values at the lowest strain level of 10% are the most relevant. Transverse strains resulting from ligament wrapping around bones would be considerably larger than 10% and thus higher values of compressive strains are relevant for those cases. Overall, the highest pressures and lowest strains in this study are the most relevant cases for in vivo loading.
Measurements for apparent and intrinsic permeability of the MCL are similar in order of magnitude to published data for other biological soft tissues. For comparison, the apparent permeability for human MCL under 30% compressive pre-strain and 0.17 MPa (25 psi) pressure gradient was 2:82 AE 0:81 Â 10 À16 m 4 =N s: The apparent permeability of bovine articular cartilage was approximately 11 Â 10 À16 m 4 =N s under the same conditions (Mansour and Mow, 1976) . The apparent permeability of human lumbar annulus fibrosus was 11.47 to 19:24 Â 10 À16 m 4 =N s under 29% compressive pre-strain and a 0.07 MPa (10 psi) pressure gradient (Gu et al., 1999) . MCL intrinsic permeability showed a faster decrease with increasing compressive pre-strain than has been reported for bovine articular cartilage (Fig. 3) . The significant interaction between the effects of pressure gradient and compressive pre-strain is consistent with the reports for articular cartilage (Holmes, 1985; Holmes and Mow, 1990; Lai and Mow, 1980; Lai et al., 1981) . When interpreting the above comparisons, it must be emphasized that differences in tissue permeabilities may exist between different species, age groups and genders.
One of the limitations of this study is that only 3 data points were obtained for the intrinsic permeability from the experimental measurements. The reliability of these measurements is considered to be high since they were each determined from 5 measurements of pressure at each level of compressive pre-strain and the standard deviations of the measurements were small. However, testing at additional levels of pre-strain would have provided more data to fit the constitutive model in Eq.
difficulty in that the combination of high pressures and low compressive pre-strains can cause separation of the sample from the filter (Holmes and Mow, 1990) . However, the acquisition of apparent permeability data at additional data points above 10% (e.g., 15% and 25%) would have provided a more reliable estimation of the material coefficients M and k 0 . Nevertheless, the constitutive model and predicted material coefficients for M and k 0 provide a good description of the experimental data over the range of compressive prestrains that were investigated. There were several factors related to the samples that were not controlled or investigated in this study. The physiochemical properties of soft tissues and hydrated gels can have a dramatic influence on the permeability (Gu et al., 2003; Iatridis et al., 2003; Maroudas, 1968 Maroudas, , 1976 Quinn et al., 2001 ). This includes the concentrations of extracellular matrix proteins such as collagen or agarose in the case of hydrated gels (Gu et al., 2003) , proteoglycans (Maroudas, 1968; Quinn et al., 2001 ) and water content (Gu et al., 2003) . Further, no attempt was made to correlate donor age or gender with the measured values for apparent and intrinsic permeability. The effects of these factors on permeability may have important implications for the study of disease, maturation and aging, and should be investigated in future studies. However, the study of the effects of aging and sex on permeability in human knee ligaments will likely require a substantially larger number of samples than were used in this study, especially since donor age cannot be controlled in a study of human knee ligaments. Since donor age and sex were not controlled in this study, they may have influenced the results for permeability. However, the relatively small standard deviations in the data of Figs. 2 and 3 suggest that the effects of these factors were not large for this particular population of samples. Finally, the possible effects of the cross-sectional area that was exposed to flow were not investigated in this study. The size of the area exposed to flow (3 mm dia.) was chosen to be much larger than the diameter of the collagen fibers, yet small enough to ensure that the sample was visibly homogeneous with nearly uniform thickness. It is possible that sample diameter could affect results because a larger sample diameter would potentially introduce inhomogeneous tissue and/or tissue with varying thickness, while a smaller sample could potentially violate the continuum assumptions inherent in the analysis due to the physical size of local collagen fibers.
As suggested by other investigators (Atkinson et al., 1997; Butler et al., 1997) and supported by measurements of apparent diffusion coefficients in tendons with MRI (Han et al., 2000; Wellen et al., 2004) , it is possible that ligament permeability along the collagen fiber direction is larger than the transverse permeability. This anisotropy could arise due to the potential hindrance of the flow of water by the orientation of the extracellular matrix, including collagen fibers and proteoglycans, with respect to the direction of permeation. A relatively new method based on gas magnetic resonance imaging may provide another alternative method, which could potentially quantify the entire permeability tensor without any contact with the tissue (Bencsik and Ramanathan, 2001 ). Measurements of the apparent diffusion coefficient using MRI also provide an indirect measure of permeability and have been used to quantify the relative ease of water diffusion along the fiber and crossfiber directions in tendon (Han et al., 2000; Wellen et al., 2004) .
In summary, this study quantified the apparent and intrinsic permeability of human MCL under compression, transverse to the predominant collagen fiber direction. The apparent permeability showed a significant decrease with both applied pressure gradient and compressive pre-strain, and there was a significant interaction between the effects of pressure gradient and compressive pre-strain. To our knowledge, this is the first report of any direct measurement of permeability in ligaments. In addition to providing baseline data for investigating the effects of disease and chemical modification on the permeability of human ligament, the data will also be useful for modeling studies of the poroelastic material behavior of human ligaments. 
